Abstract. Laser photocoagulation is an established treatment for a variety of retinal diseases. However, when using the same irradiation parameter, the size and strength of the lesions are unpredictable due to unknown inter-and intraindividual optical properties of the fundus layers. The aim of this work is to investigate a feedback system to generate desired lesions of preselectable strengths by automatically controlling the irradiation time. Optoacoustics were used for retinal temperature monitoring. A 532-nm continuous wave Nd:YAG laser was used for photocoagulation. A 75-ns∕523-nm Q-switched Nd:YLF laser simultaneously excited temperature-dependent pressure transients, which were detected at the cornea by an ultrasonic transducer embedded in a contact lens. The temperature data were analyzed during the irradiation by a LabVIEW routine. The treatment laser was switched off automatically when the required lesion strength was achieved. Five different feedback control algorithms for different lesion sizes were developed and tested on rabbits in vivo. With a laser spot diameter of 133 μm, five different lesion types with ophthalmoscopically visible diameters ranging mostly between 100 and 200 μm, and different appearances were achieved by automatic exposure time control. The automatically controlled lesions were widely independent of the treatment laser power and the retinal pigmentation.
Introduction
Retinal photocoagulation is a successful treatment for diabetic retinopathy 1 and other retinal diseases. About 50% of the laser light in the visible spectrum is absorbed in the strongly pigmented retinal pigment epithelium (RPE), which is located behind the neural retina and the photoreceptors, and transformed into heat. The remaining light is absorbed in the melanin and hemoglobin of the choriocapillaris and choroid (CH). Subsequently, the RPE, CH, and the retina get thermally denaturated. However, there is heterogeneity of pigmentation between individuals by a factor of 2 in RPE 2 and a factor of 3 in the CH, 3 as well as age-related decrease of lens transmittance 4 leads to unpredictable light transmittance and absorption at the RPE melanin, the main chromophore at the fundus. Thus, when using the same irradiation parameters for coagulation, the temperature increase is also unpredictable. Overly high temperatures in the retina can cause pain, overtreatment, and rupture of the Bruch's membrane, which can lead to bleeding. Typically, the laser parameters are manually adjusted after evaluation of the previously applied lesions.
In order to overcome those drawbacks, there are some notable new clinical trends introduced for retinal therapies that come with advantages but also increase the challenges of retinal laser therapy. For macular treatment, intravitreal anti-VEGF (vascular endothelial growth factor) therapy is replacing laser photocoagulation as the gold standard. Studies show a general superiority of anti-VEGF monotherapy or a combination of anti-VEGF with laser treatment over laser-monotherapy in diabetic macular edema, leading to a significantly better visual acuity. 5 Laser therapy is of lower cost, does not carry the risk of endophthalmitis, and usually has a long-term effect while anti-VEGF therapy requires frequent, numerous, repeat injections over many years. For the treatment of diabetic macular edema, combination therapy of intravitreal anti-VEGF and guided laser coagulation reduces the required number of injections. 6 The biggest disadvantage of the classical laser therapy is the lack of an objective, standardised dosimetry; so, the risk of overtreatments and subsequent scarring, micro-scotoma, and decreased vision is high. From a scientific point of view, the broad range of treatment protocols makes the comparison of studies difficult. Several new approaches to laser therapy suggest that the classic treatment protocol might aim toward lesions that are extended unnecessarily far into the inner retinal layers and generally too strong.
There are new laser systems that allow the application of a whole pattern of lesions instead of single lesions. 7 The lesions must be applied in a short time, since eye movements increase the risk of lesion displacement. Thus, the lesions are applied with a decreased irradiation time of usually 20 ms. 7 This reduces the overall treatment time significantly. Furthermore, pain is reduced for the patients while the therapeutic effect is similar to the classic treatment. 8, 9 However, according to Arrhenius theory, shorter irradiation times require higher temperatures to onset denaturation. 10 The crucial temperature is unknown due to the individual pigmentation. For short irradiation times, the laser power ratio between retinal disruption and a just barely visible lesion decreases, which increases the risk of overtreatment even more. 11, 12 Another modality is the treatment with subvisible endpoints. One laser system with integrated "endpoint management" automatically adjusts treatment time and laser power to a subvisible endpoint, which is calculated based on the Arrhenius damage integral. 13 Here, the threshold for a visible lesion is titrated, and the energy is decreased to a chosen percentage of this threshold. However, this procedure strongly depends on the location of titration.
Decreasing the pulse duration from the millisecond regime to the microsecond pulse duration regime results in lesions that are more selective to the RPE and spare the neurosensory retina.
14 Thus, some lasers apply a train of typically 100-μs pulses instead of a single millisecond pulse. Furthermore, the laser power is also reduced to an endpoint below the titrated visibility threshold. These so-called micropulsing laser systems with visible and near-infrared radiation were used in studies on patients. 15 The clinical outcome in selected macular diseases is comparable to the effects of classic photocoagulation while reducing the risk of overtreatments. 13, 15 However, the aforementioned methods lack a spot-individual feedback, which can be crucial due to the pigmentation variation. Also, there is no unified treatment protocol, which makes comparing these studies difficult, especially since there are many different laser systems and treatment end points.
Without reliable experimental temperature data, the theoretical models for temperature development and thermal damage at the retina cannot be verified. Usually, the commonly used Arrhenius integral describes the onset of a denaturation as a function of temperature and time. The peak temperature at the center of the irradiated area is used as a measure to predict the probability for an ophthalmoscopically visible denaturation. 10 A new study suggests that the classic Arrhenius damage model is not suitable to describe and predict thermal retinal damage. On a culture consisting of RPE cells with added artificial pigmentation, the laserinduced temperature was measured by an infrared camera. It was found that the Arrhenius model does not accurately describe the laser-induced cell death. Instead, the temperature at the boundary of cell death seems to be a good measure and was found to be stable for different irradiation times as 53 AE 2°C. 16 However, the infrared camera used in this study does not allow the temperature monitoring on whole eyes, and cell death in the RPE cannot be evaluated directly in living eyes. Thus, the applicability of these postulated dynamics and threshold needs to be verified in whole living eyes.
A noninvasive method to measure temperatures in lightabsorbing tissues is optoacoustics. 17 It was first described for selective retina therapy 18 and later adapted for transpupillary thermotherapy. 19 Recently, temperature data could be acquired during retinal photocoagulation on patients. 20 In previous publications, we demonstrated that the real time detection of the temperature course could be used to automatically stop the treatment laser when a desired coagulation strength is reached, in order to achieve lesions of uniform size and minimize the risk of overtreatment. 21 In this work, the reproducibility of the lesion sizes generated by five different laser switch-off threshold temperatures T A: : : E ðtÞ is examined. The goal was to test the irradiation time control method's suitability for a therapeutical range from subvisible irradiations up to strong lesions that are in clinical use to date.
Methods

Temperature Determination
The temperature rise of an absorber during heating can be measured by analyzing pressure waves that were generated by short probe laser pulses. 22 The pressure waves' amplitude is connected to the absorber's temperature by the temperature dependence of the material specific Grüneisen parameter. 22 It consists of the speed of sound c s ðTÞ, the heat capacity C p ðsTÞ, and the thermal expansion coefficient βðTÞ, which is dependent on the density ρ. 
According to Ref. 16 , the optoacoustically determined temperature T OA of a uniformly heated absorber can be expressed as E Q -T A R G E T ; t e m p : i n t r a l i n k -; e 0 0 2 ; 3 2 6 ; 5 1 6
where p max is the amplitude of the pressure wave and E p is the absorbed energy of the probe laser pulse. S is a constant taking into account individual influences such as the sound transmittance and dampening due to impedance differences, sound interferences, and transducer characteristics. The parameters T max and T 0 are tissue specific and need to be determined experimentally. For fundus tissue, they were determined by simultaneous measurement of the tissue temperature and ultrasound amplitudes with thermocouples and optoacoustics, respectively, while the tissue was heated slowly and homogeneously by infrared irradiation. 20 The following values were obtained on porcine eyes in vitro:
E Q -T A R G E T ; t e m p : i n t r a l i n k -; e 0 0 3 ; 3 2 6 ; 3 3 2
S is determined for each individual spot by applying probe laser pulses before the heating starts, thus the measured pressure amplitudes p max are calibrated to body temperature T Body . Thus, Eq. (2) can then be solved with T OA ¼ T Body with known E p . Consequently, all parameters are known for each individual retinal site. When heating starts, the further development of T OA can be determined with the increasing pressure p max ðtÞ according to Eq. (2). The errors of T 0 and T max in Eq. (2) do not reflect the actual uncertainty of the temperature calculation. They are parabolic fit parameters, which are far outside of the temperature interval of interest. So, if T 0 is varied within its measured standard deviation from −22°C to −12°C, or T max is increased above 100°C, the temperature variation for a typical optoacoustic pressure increase of 20% results in an error of AE3°C. During retinal photocoagulation, the temperature distribution is not homogeneous in space and time due to spatially inhomogeneous light absorption in the tissue and thermal diffusion. This is also the case for the probe laser, which is applied to the same spot as the treatment laser and similarly absorbed
Journal of Biomedical Optics 098001-2 September 2016 • Vol. 21 (9) in the RPE and CH. Thus T OA ðtÞ reflects a so-called "mean weighted volume temperature"T V ðtÞ. A correction function can be applied to convert the optoacoustically measured temperature T OA ðtÞ into T Peak ðtÞ, which occurs in the center of the irradiated area at the RPE's anterior surface. 20 If the spatial and temporal temperature distribution is calculated by the heat diffusion model according to Ref. 10, a conversion function fðtÞ between the peak temperature T Peak ðtÞ at the center of the spot (r ¼ 0) and the surface level of the RPE (z ¼ 0) and the mean weighted volume temperatureT V ðtÞ can be derived. This is described in detail in Ref. 19 .
E Q -T A R G E T ; t e m p : i n t r a l i n k -; e 0 0 4 ; 6 3 ; 6 3 1 fðtÞ ¼
fðtÞ depends on the spot size, the heating time, but not on the overall absorption as long as the ratio between the RPE's and choroid's absorption is constant. 20 The conversion function fðtÞ that is used in this work for the rabbit fundus model, a top-hat beam and a spot diameter of 133 μm can be approximated by an exponential decay fit in dependence of the irradiation time t:
E Q -T A R G E T ; t e m p : i n t r a l i n k -; e 0 0 5 ; 6 3 ; 5 2 1 fðtÞ
This fit function was already used in a former publication.
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E Q -T A R G E T ; t e m p : i n t r a l i n k -; e 0 0 6 ; 6 3 ; 4 5 4 T Peak ðtÞ ¼ fðtÞ · T OA ðtÞ:
In this work, T End ¼ T Peak ðt end Þ is defined as the highest temperature, which is achieved at the end of the irradiation time t end . For the determination of the end temperature T End , the heat diffusion equation for a rabbit fundus and a spot size of 133 μm was solved for the spatial location of the peak temperature T Theory Peak ðtÞ. Temperatures scale linearly with the laser power as long as the other laser parameters remain unchanged. Thus, the temperature curves differ only by a proportionality factor a. The theoretical temperature curve T Theory Peak ðtÞ was used as a fit function, E Q -T A R G E T ; t e m p : i n t r a l i n k -; e 0 0 7 ; 6 3 ; 3 0 9 T Peak ðtÞ ¼ a · T Theory Peak ðtÞ:
Thermal Tissue Denaturation
The Arrhenius integral is widely used to describe the onset of tissue denaturation in dependence of the temperature and heating time. 10 The damage integral Ω is defined as follows:
E Q -T A R G E T ; t e m p : i n t r a l i n k -; e 0 0 8 ; 6 3 ; 2 1 6 Ω ¼ A
where Ω is a damage index (dimensionless), A is a frequency factor (s −1 ), ΔE is a activation energy (J mol −1 ), T is a temperature (K), τ is a heating time (s), and R is a universal gas constant (J mol −1 K −1 ). The parameters ΔE and A are tissue dependent and reflect the activation energy and denaturation rate, respectively. The definition of certain tissue damage by a value Ω is arbitrary and strongly depends on the observation method. Usually, the ED50 value (50% probability to achieve a visible lesion) in white light fundus observation is used for Ω ¼ 1. Figure 1 shows the setup for optoacoustic temperature measurement during photocoagulation.
Automatic Irradiation Time Control
The optoacoustic pressure waves are generated by the pulses of a frequency-doubled Q-switched Nd:YLF laser (523 nm, 75 ns, 1 kHz, QC-523-1000, Crystalaser Inc.). A medical photocoagulator (frequency-doubled continuous wave Nd:YAG, 532 nm, VISULAS ® 532s, Carl Zeiss Meditec AG) was used for photocoagulation. The beams of both laser systems were superimposed by a 50:50 beam splitter and coupled into the same fiber (core diameter ¼ 50 μm and numerical aperture ¼ 0.11). A small amount of the probe laser pulse energy was reflected onto a photo diode (FND 100, EG&G photon devices) as a measurement trigger.
The fiber was connected to the laser slit lamp (LSL 532s, Carl Zeiss Meditec AG). The optoacoustic pressure transients were detected by an annular piezoceramic ultrasonic transducer (PZT, Medical Laser Center Lübeck, Germany), which was embedded into a laser contact lens (Mainster Focal Grid, Oculus Instruments). The optoacoustic signals were amplified (Panametrics 5663 Preamp, 54 dB) and sent to a computer oscilloscope card (CompuScope 8347, Gage Applied Technologies). The data processing into temperatures and automatic shut-off of the treatment laser were performed by a self-programmed LabVIEW routine. If the shut-off criterion was exceeded, the treatment laser was switched off in a time interval shorter than 1 ms. The spot diameter was adjusted on the slit lamp as 200 μm. However, the real spot size on the retina was calculated to 133 μm, taking into account the geometry of the rabbit eye, which demagnifies the laser beam. 23 
According to the Arrhenius theory, a certain denaturation can be produced by different combinations of temperature and time. 10 Our approach towards automated photocoagulation is to stop the treatment time automatically after the optoacoustically measured denaturation temperature is reached. This principle is shown in Fig. 2 .
A LabVIEW routine detects the start of the treatment when the physician presses the foot switch of the laser (I in Fig. 2 ). Then, 20 probe laser pulses with a repetition rate of 1 kHz are applied for the normalization of the measurement to determine the proportionality factor S in Eq. (2) . After this procedure, the treatment laser is started (II). The temperature is now determined in real-time according to Eqs. (2) and (7). Once the temperature T Peak ðtÞ has reached the defined characteristic curve for a mild lesion, the treatment laser is stopped immediately (III). If stronger lesions are desired, the treatment is stopped at a later time point (IV). In a previous work, the ED50 threshold for funduscopically visible lesions 1 h after irradiation was found by probit analysis, and the Arrhenius parameters were found as ΔE ¼ 273 J mol 21 Using this ED50 visibility threshold as characteristic function for automatic irradiation time control (as shown in Fig. 2 ) unexpectedly led to inhomogeneous lesion sizes. Thus, the ED50 threshold was used as a basis for empirical adjustment of the threshold until homogeneous lesion sizes were produced.
We found that the optoacoustic mean pressure amplitude φðtÞ is a simple switch-off criteria for producing homogeneous lesions. For this, the mean value of all pressure amplitudes up to this point was calculated with every new data point.
E Q -T A R G E T ; t e m p : i n t r a l i n k -; e 0 0 9 ; 6 3 ; 2 7 9 φðtÞ ¼ 1 nðtÞ
where p max ðtÞ is a optoacoustic normalized pressure amplitude at the time t and nðtÞ is a number of data points at the time t. At every time point t, the mean pressure φðtÞ is unequivocally a measure for the peak temperature T peak ðtÞ since both are time-dependent values that can be calculated from p max ðtÞ through Eqs. (2), (5), (6) ½T Peak ðtÞ, and Eq. (9) ½φðtÞ. Thus, φðtÞ is suitable to detect temperature-dependent thresholds. However, φðtÞ can be evaluated with fewer steps than the peak temperature by Eq. (9), while the measured temperature needs to be calculated from Eq. (2) and must be converted into the peak temperature by Eq. (5). Furthermore, the values of φðtÞ that lead to uniform lesion sizes were found to be independent of the irradiation time. Thus, there is no need for timeconsuming fitting of the optoacoustic data during the irradiation. By continuously calculating the mean value, the pressure curve undergoes a low pass, suppressing the high frequency noise due to electromagnetic disturbances (see Fig. 5 ). Thus, fluctuations in single data points do not necessarily lead to an immediate switch-off. The longer the irradiation time, the less likely there is a disturbance of the switch-off algorithm by noise.
A constant mean pressure value is a rather abstract concept, thus we calculated the time-dependent peak temperatures for the constant φ values at the different damage thresholds. These "characteristic functions" can be described by the following biexponential fit equation:
E Q -T A R G E T ; t e m p : i n t r a l i n k -; e 0 1 0 ; 3 2 6 ; 6 4 2
with Table 1 .
The characteristic functions plus the previously determined ED50 threshold for ophthalmic visibility can be seen in Fig. 3 .
These characteristic functions are similar to an Arrhenius integral, but they have a steeper flank for shorter irradiation times. Lesions with φ C ¼ 1.15 were already experimentally Fig. 2 The principle of automatic irradiation time control. The red and green lines are characteristic functions for a desired lesion strength. I, calibration phase; II, start of the heating phase; III, automatic treatment stop for mild lesion; IV, automatic treatment stop for strong lesion. tested on rabbits in vivo. 21 Histological evaluation of the lesions produced by this automatic irradiation time control showed that the ganglion layer could be spared, while classic photocoagulation with a constant irradiation time of 200 ms often lead to denaturation of the inner retinal layer. 24 An example is shown in Fig. 4 .
φ A ¼ 1.1 and φ B ¼ 1.12 were defined for treatments below and close to the previously determined visibility threshold. 20 φ C ¼ 1.15 is the previously published threshold that leads to soft visible denaturations. It gets further investigated in this study. φ E ¼ 1.22 was defined above the visibility threshold, since the lesion appearances of φ C ¼ 1.15 and φ D ¼ 1.2 were found to be soft and grayish. Stronger lesions with prominent whitening are used in clinical routine to date.
Young healthy rabbits' eyes are more homogeneously pigmented than the usual patient eyes. To simulate the variance of optical parameters in clinical use, the treatment laser power was varied over a wide range (20 to 300 mW) during automatic irradiation time control. For comparison, standard photocoagulations with a fixed treatment time of 200 ms and varied treatment laser power were applied, too.
Lesion Size Determination
The overall experimental treatment time was about 1 to 2 h. Then, the fundus area was photographed 1 h after the end of the last treatment by a fundus camera (VISUCAM ® , Carl Zeiss Meditec AG). Three independent observers evaluated the lesion size by manually outlining the coagulated area in the digital photograph by an image editing software. Since the observers were present during the experiments, but the lesions were evaluated without having the spread sheet of the individual lesion parameters at hand. The diameters of these marked areas were measured in the software ImageJ. The scaling factor between pixels and the retina was calibrated by marker lesions with a defined center-to-center distance and was found to be about 9.5-μm per pixel. Five eyes of three rabbits were examined by OCT 2 h after treatment. The results are published in Ref. 25 .
Experiments on Rabbits In Vivo
The experiments on 10 eyes of seven rabbits (Chinchilla Bastard) in vivo were carried out according to the German law for protection of animals, approved by the Ministry of Agriculture, the Environment and Rural Areas of SchleswigHolstein, Kiel, Germany. The rabbits were anesthetized before the measurement using ketamine 10% 0.5 to 0.7 ml∕kg and xylazine 2% 0.2 to 0.25 ml∕kg applied intramuscularly. They were fixed in a special holding device and positioned in front of the slit lamp. Phenylephrine 5% eye drops were used to dilate the pupils and oxybuprocaine 0.4% eye drops for local anesthesia of the cornea. The modified contact lens was fixed onto the rabbit's cornea using a special holder. Hypromellose 2% gel was used as a contact agent for optical and acoustical adaption of contact lens and cornea. The body temperature T body was measured rectally by a thermocouple. After the experiments, the animals were examined by a veterinarian and given to private holders.
Results
Temperatures at the Lesion Thresholds
Optoacoustically determined peak temperature curves during laser heating are shown in Fig. 5 .
The temperatures during laser treatment were calculated from the optoacoustic pressure amplitudes p max ðtÞ according to Eq. (2) for every irradiation. The maximum temperature T Peak ðtÞ was calculated according to Eqs. (5) and (6) . The experimental data were fitted with the theoretical temperature curve T Theory Peak ðtÞ, using the proportionality factor a as in Eq. (7) as the free fit parameter. It includes the influences of ocular transmission, fundus pigmentation, and laser power. The temperature at the end of the heating process T end was taken from the end point of the fit curves.
The characteristic functions, as shown before in Fig. 2 , and the endpoints T End ðtÞ of the temperature curves during the automatic irradiation time control can be seen in Fig. 6 .
Each point represents an individual heating curve. Since constant φ values and not the actual temperature data were used for the automatic laser control, the temperature data end points scatters around the characteristic functions, but usually in a frame of about AE3°C.
Automatic Controlled Lesion Sizes
Lesions that were produced using the automatic switch-off algorithm for mild lesions are shown in Fig. 7 .
In Fig. 7 , it can be seen that with constant irradiation time the lesion diameter grows with higher laser power. However, with irradiation time control, the lesion diameters stay limited for automatically controlled lesions, despite the laser power variation and individually pigmented sites of the fundus. The irradiation times were automatically controlled by the switch-off algorithm between 3 and 400 ms. The detailed evaluation of the resulting lesion diameters, according to the method described in Sec. 2.5, can be seen in Fig. 8 .
The power range for φ A ¼ 1.1 and φ B ¼ 1.12 was limited to maximally 50 mW, since higher powers would have shortened the treatment time toward only a few milliseconds, which so far could not be handled by the automatic switch-off algorithm [ Figs. 8(a) and 8(b) ].
There were no coagulations applied with a constant irradiation time for higher laser powers than 100 mW while using φ E ¼ 1.22 [ Fig. 8(e) ]. This was decided due to the risk of retinal disruption and bleeding. In comparison, the lesions with automatic treatment control are more stable in diameter and smaller or of the same size as those without automatic control. Lesions with φ C ¼ 1.15 and φ D ¼ 1.2 have a tendency of slightly bigger diameters with increasing laser power [Figs. 8(c) and 8(d)] . φ E ¼ 1.22 creates a considerable increase in lesion diameter for laser powers of about 100 mW [ Fig. 8(e) ]. Without the automatic treatment control, the lesion size increases linearly with the laser power [ Fig. 8(f) ].
Many irradiations with φ A ¼ 1.1 and φ B ¼ 1.12 did not lead to a visible lesion. Thus, the reliability of the lesion diameter evaluation is limited for those types. The relative occurrence of visible and invisible treatments is shown in Fig. 9 .
In Fig. 10 , the mean lesion diameter of all irradiations is shown. The different characteristic functions lead to different lesion diameters as expected, but φ E ¼ 1.22 lesions appear not significantly bigger than φ E ¼ 1.2 lesions in funduscopic evaluation. However, OCT evaluation showed that φ E leads to a stronger damage. 25 
Discussion
It was shown previously that optoacoustics enables noninvasive temperature measurements during retinal photocoagulation and can be performed without compromising the clinical treatment. 20 Furthermore, it was shown that the temperature measurement is suitable for an automatic irradiation control by using the measured temperature-dependent optoacoustic pressure amplitudes for a feedback algorithm that shuts off the treatment laser automatically after the desired lesion strength is achieved. 21, 24, 25 The aim of this work was the further development and investigation of the automatic irradiation time control during photocoagulation toward different degrees of coagulation. Figure 8 shows that for φ A ¼ 1.1 and φ B ¼ 1.12 the lesions are ophthalmoscopically visible on less than 30% of the irradiations. Thus, the evaluation of the lesion diameters for φ A ¼ 1.1 and φ B ¼ 1.12 is statistically uncertain. A lack of funduscopically visible damage does not indicate the complete absence of damage. It has been known for a long time that damage to the retina can be found in histologies when only 30% of the laser power for a barely visible lesion is applied (20-μm spot diameter, P ¼ 15 mW, t ¼ 150 ms 26 ). Nevertheless, it is principally possible to achieve defined temperatures by using φ A ¼ 1.1 and φ B ¼ 1.12 as an automatic treatment control (see Fig. 6 ). Although these lesions were mostly funduscopically invisible, damage could be seen by the OCT evaluation in the outer retinal layers. 25 This result demonstrates the possibility of temperature/time guided irradiation control for clinically increasingly important subvisible thermal treatments as published. 13, 15 Studies on rabbits and patients showed that OCT lesion classes are suitable as endpoint criteria during photocoagulation. Although the evaluation of the OCT images is also not perfectly objective, the OCT lesion classes are more defined than funduscopically visible whitening. The classes can also be used to improve the characteristic damage threshold algorithms and enable subvisible thermal laser treatment of the retina with a temperature based and, thus, objectively defined dosage. 27, 28 Clinical studies are necessary in . This is an aberration from the goal to achieve lesions of uniform size. Since it is a systematic increase, it can be compensated by an empirical adaptation of the switch-off criteria. According to the lesion diameter evaluation, φ E ¼ 1.22 produces similar lesions as φ D ¼ 1.2 [see Figs. 8(e) and 8(d)], but they often get too big. If a strong coagulation occurs at the beginning of the irradiation, it leads to increased scattering in the retina. 29 The tissue parameters T 0 and T max in Eq. (2) change during a strong coagulation. Thus, the pressure transients do not reliably reflect the retinal temperature any longer. The software routine as it has so far been implemented waits for the φ value to reach the threshold while the actual pressure values do not increase as expected. Thus, the resulting lesion gets too strong. Since φ E ¼ 1.22 requires a high temperature, it is highly likely that scattering disturbs the reliability of the optoacoustic data and, thus, the switch-off algorithm. In summary, lesions produced by φ D ¼ 1.2 seem to have the best reproducibility in diameter and become visible in most cases. Overall, the automatically controlled lesions are more uniform in size and appearance than those applied with a constant irradiation time. However, the standard errors of the lesion sizes are quite big for both standard and automatic irradiation. We expected that the diameters of the automatic controlled lesions would generally be more uniform. The difference to the standard treatment is limited by the overall inaccuracy and subjectivity of the lesion size evaluation on fundus photographs. The biological response of the tissues varies even under the same irradiation parameters. Another reason for irregular lesion sizes is the 1 to 2 h posttreatment observation criterion. It is known that the visible lesion diameter increases over the first hours after treatment owing to edema at the lesion borders. As this growing edematous ring around the lesion does not consist of denaturated tissue, it of course cannot be controlled by laser power or irradiation time control. Taking the visible diameter evaluation as a measure of the coagulation is very limited explaining the high standard errors. In order to evaluate the expansion of indeed coagulated tissue in more detail, we used a mathematical model 10 to calculate temperatures and irradiation times that produce denaturated areas of different diameters. The Arrhenius integral Eq. (8) with the Arrhenius parameters from our previous work 21 (ΔE ¼ 273 J mol −1 and A ¼ 3 · 10 44 s −1 ) was solved for specific temperature/time courses as solutions of the heat diffusion equation, using a top hat irradiation diameter of 133 μm. We systematically increased the absorbed laser power until the corresponding temperature/time courses results in Ω ¼ 1, for three different radii of interest. The results are exemplary shown in Fig. 11 .
Our simulations show that it is theoretically impossible to achieve denaturated zones larger than the irradiation spot diameter in this example of 133 μm with irradiation times shorter than 20 ms since the boiling temperature is exceeded with high risk chorioretinal rupture. However, in our experiments, we produced lesions two to three times the laser spot diameter with temperatures lower than 80°C. This is a strong hint that the visible whitening of the retina is mainly owed to edema and other secondary effects such as retinal detachment, and not just to denaturation.
For example, OCT evaluation of the lesions produced by φ D ¼ 1.2 and φ E ¼ 1.22 also showed a detachment of the retina in the treated area. 26 Using OCT lesion classifier as treatment endpoints in the future can help improve the damage evaluation and subsequently the criteria for automatic irradiation control. 27, 28 Our threshold temperatures are significantly lower than previously published thresholds 10 but comparable with the more recent findings by Denton et al. 16 The group also found a deviation from the classic damage integral dynamics. However, the study was performed on cultivated RPE cells, and instead of visual whole retinal lesion observation, the RPE cell death was used as a measure for damage.
Compensation for absorption variations by automatically adjusting the irradiation time can lead to strong variations in the irradiation time since the influence of the temperature is higher than the irradiation time. This is a critical disadvantage in the clinical application for the time control. Irradiation times below a few milliseconds would increase the risk of overtreatment due to inaccurate temperature determination. With a repetition rate of 1 kHz, the temperature data would consist of only few data points in these cases. Increasing the repetition rate of the probe laser in order to generate more data points is limited since it would lead to overlays of the acoustic transients. An irradiation longer than 200 ms increases the risk of movement artifacts and is against the current trend to shorten the irradiation time. In order to avoid these strong fluctuations of the automatically controlled irradiation time, we developed an algorithm that monitors the irradiation times. If they are below 5 ms or higher than 50 ms at one spot, the treatment laser power is automatically adjusted for the next spot so that the predicted irradiation time for the next spot likely stays within the defined window. Although the pigmentation in eyes can vary from a factor 2 to 3, our first experimental results suggest that the local variation of pigmentation over small areas is small enough to keep the variation of the irradiation time within this window. However, more experiments are necessary to prove this concept.
There is a recent trend toward shorting the overall treatment time by irradiating a whole pattern of lesions instead of single lesions. 7 However, it comes without a temperature-based dosimetry at the cost of more nonuniform lesions with an increased risk of over treatment. The therapeutic window, defined as the ratio of laser powers that lead to a visible lesion and to a rupture, decreases for shorter irradiation times. 12 Another possible implementation of temperature guided photocoagulation is an automatic laser power control based on real-time temperature adjustment with a preset fixed irradiation time of 20 ms or shorter without increasing the risk of overtreatments. 30 A benefit here is the improved reproducibility of lesion's local extension. The heated area and, thus, the volume affected by denaturation extend with longer irradiation times due to thermal diffusion. 8 Shorter irradiation times help to limit the therapeutic effect to the RPE and photoreceptors while sparing the inner retina. 7 Investigations toward automatic laser power control have been started.
Conclusion
A feedback system based on optoacoustic temperature evaluation was adapted to a retinal photocoagulation system. Based on real-time measurement and evaluation of the temperature data, the treatment laser emission is stopped automatically after a desired damage is reached. Different reproducible lesion strengths from threshold to mild were achieved, which are more uniform than with conventional techniques using the same laser power and irradiation time. The diameter was limited, although the treatment laser power was varied over a wide range. It was shown in rabbits in vivo that different lesion types and subvisible lesions with a defined temperature dosage can be produced by different feedback control curves. Clinical studies implementing this concept are next steps to validate this technique.
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